The important factors that affect the arterial wall compliance are the tissue properties of the arterial wall, the in vivo pulsatile pressure, and the prestressed condition of the artery. It is necessary to obtain the load-free geometry for determining the physiological level of prestress in the arterial wall. The previously developed optimization-based inverse algorithm was improved to obtain the load-free geometry and the wall prestress of an idealized tapered femoral artery of a dog under varying arterial wall properties. The compliance of the artery was also evaluated over a range of systemic pressures (72.5-140.7 mmHg), associated blood flows, and artery wall properties using the prestressed arterial geometry. The results showed that the computed load-free outer diameter at the inlet of the tapered artery was 6.7%, 9.0%, and 12% smaller than the corresponding in vivo diameter for the 25% softer, baseline, and 25% stiffer arterial wall properties, respectively. In contrast, the variations in the prestressed geometry and circumferential wall prestress were less than 2% for variable arterial wall properties. The computed compliance at the inlet of the prestressed artery for the baseline arterial wall property was 0.34%, 0.19%, and 0.13% diameter change/mmHg for time-averaged pressures of 72.5, 104.1, and 140.7 mmHg, respectively. However, the variation in compliance due to the change in arterial wall property was less than 6%. The load-free and prestressed geometries of the idealized tapered femoral artery were accurately (error within 1.2% of the in vivo geometry) computed under variable arterial wall properties using the modified inverse algorithm. Based on the blood-arterial wall interaction results, the arterial wall compliance was influenced significantly by the change in average pressure. In contrast, the change in arterial wall property did not influence the arterial wall compliance.
Introduction
The compliance of the arterial wall is an important parameter that influences the hemodynamics in the human circulatory system. Evaluation of the arterial hemodynamics using computational methods requires analysis of the coupled interaction between the blood flow and arterial compliance. The key factors that affect the compliance are the prestressed condition of the artery, its tissue material property, and the in vivo pulsatile pressure.
Arterial Wall Prestress.
The prestressed status of the artery (referred to as the "prestressed in vivo" configuration) is a physiologic/realistic condition in the human body and is attributed to the tethering constraint imposed by the surrounding tissues in conjunction with the in vivo lumen pressure. An indicator of this prestressed in vivo configuration is the axial and radial contractions observed in excised arteries [1, 2] . Patient-specific arterial geometries obtained from medical imaging data are physiologically in a state of stress that is in equilibrium with the in vivo axial stretch and pressure. However, the information about the stress is absent in imaging data, and hence, the reconstructed patientspecific arterial geometries is devoid of such prestress. The physiological axial stretch is the extension required to obtain the in vivo length from the excised length. An in vivo axial stretch of 48% has been observed in the femoral artery of a dog [3] . Similarly, Huang et al. [4] have reported axial stretches ranging from 15% to 47% (average of 33%) in human carotid arteries using magnetic resonance imaging data. An excised artery without the axial stretch or pressure is considered to be in a load-free state. In order to accurately account for the physiological prestress in computational formulations, it is necessary to determine the load-free geometry of the artery [5] .
Variation in Arterial Tissue
Properties. The computed load-free and prestressed conditions (hereafter, referred to as the "load-free" and "prestressed" conditions, respectively) of the artery, obtained using numerical approach, are also influenced by the variability in the arterial wall tissue properties. The variability in properties can be caused by the choice of constitutive equations, assumptions, experimental techniques [6, 7] , occurrence of disease conditions like atherosclerotic plaques [8] , and the presence of residual stresses [9] . Considering the irregular and complex shapes of patient-specific arterial geometries along with the wide variation in axial prestretch and tissue properties, there is a need for developing a reliable computational methodology that can incorporate the realistic in vivo prestress condition in the arterial wall.
obtain the load-free and prestressed arterial geometries from imaging data in diseased carotid and coronary arteries, respectively. A similar approach was adopted by Roy et al. [11] and by Konala et al. [12] for idealized geometries of the femoral artery of a dog and human coronary stenosis, respectively. However, such trial-and-error methods are not very efficient when applied to complex in vivo arterial geometries and may lead to variability in the computed prestressed condition.
1.4 Inverse Methods. Raghavan et al. [13] developed a shape-matching algorithm where the zero pressure configuration was obtained iteratively. The algorithm was based on the assumption that the normalized displacement field for an abdominal aortic aneurysm is almost identical when the lumen pressure is increased incrementally. A similar iterative method has been described by Bols et al. [14] . Another approach proposed by Gee et al. [5, 15] used a modified updated Lagrangian formulation in which the lumen pressure was incrementally applied while the deformation gradient and strain tensors were updated to maintain the stress equilibrium. A method of solving the inverse finite elastostatics problem to predict the initial load-free geometry was proposed by Govindjee and Mihalic [16] . This method was implemented by Lu et al. [17, 18] for anisotropic arterial properties of abdominal and cerebral aneurysms. The above inverse methods were primarily tested in aneurysm geometries without considering the in vivo axial stretch. A direct solution to the inverse finite elastostatics problem requires extensive modification of the computational finite element (FE) methods [16] [17] [18] . Furthermore, the effects of the wall compliance on the blood flow-pressure relationship in the prestressed geometries have not been previously studied using inverse methods.
Optimization-Based Method.
A nonlinear least-square optimization-based inverse algorithm was developed by our group for incorporating the prestress in computational formulations of the arterial wall-blood flow interaction [19] . This algorithm can include nonlinear arterial wall properties as well as large deformations. This methodology also uses a FE method to compute the load-free and prestressed arterial geometry. The inputs to the algorithm are the unstressed in vivo (hereafter referred to as "in vivo") arterial geometry, its tissue property, axial stretch, and pressure. While the algorithm was designed for patient-specific arterial geometries, it was initially tested for an idealized cylindrical artery [19] .
1.6 Arterial Wall Compliance. The aorta, pulmonary artery, and the large distributing arteries dilate rapidly during systole and contract during diastole. Jin et al. [20] and Bogren et al. [21] reported diameter changes of 9.5% and 11% for the ascending aorta and the pulmonary artery, respectively, during the cardiac cycle. Megerman et al. [22] observed diameter changes of approximately 0.3% to 0.07% per mmHg during the cardiac cycle in the femoral artery of a dog. These arteries are also major contributors to the vascular impedance that determines the relationship between the pulsatile pressure and flow [23, 24] . Inaccurate determination of the arterial wall compliance in computational formulations can result in an under-or over-estimation of the pressure drop and corresponding blood flow rate.
In this study, the previously developed simplified inverse algorithm [19] was modified in order to improve the capability for assessing the load-free and prestressed conditions of complex patient-specific geometries. The modified algorithm incorporates a varying radial shrink along the length of the artery to account for the variability in arterial wall thickening in the load-free state. In order to conduct an initial test of the modified inverse algorithm, the specific aims were: (a) evaluate the load-free and prestress conditions of an idealized tapered geometry of a femoral artery using the modified optimization-based inverse algorithm for variable arterial wall properties. An idealized tapered artery geometry, obtained from in vivo measurements, was selected since it represents physiologic features, including tapering and variable wall thickness; (b) evaluate the arterial wall compliance under varying physiologic conditions using the computed prestressed geometry.
Methods
The methodology proposed in this study consists of two steps: (a) developing the optimization-based inverse algorithm to assess the variation in load-free geometry and arterial wall prestress in a tapered artery for variable arterial wall properties and (b) evaluating the compliance of the artery for a range of systemic pressures and blood flows using the prestressed geometry and in vivo pulsatile pressure [25] [26] [27] [28] .
Load-Free and Prestress Procedure
2.1.1 In Vivo Arterial Geometry. A cross-sectional view of the three-dimensional (3D) tapered femoral artery of a dog is shown in Fig. 1 . The dimensions of the artery were obtained from in vivo angiographic images. The time-averaged lumen arterial pressure was 72.5 mmHg [25] . The artery was considered to taper linearly and symmetrically along its central axis. The in vivo lumen diameters of the artery were 3.8 mm and 3.6 mm at the inlet and outlet, respectively. The axial distance between the inlet and outlet was 52 mm. The arterial wall thickness at the inlet and outlet was selected such that the ratio of the thickness to the lumen radius was 0.14 [29] . Hence, the arterial wall thickness varied from 0.266 mm at the inlet to 0.252 mm at the outlet. The present inverse method is also applicable for patient-specific geometries. Therefore, a 3D FE geometry of the arterial wall ( Fig. 2(a) ) was used for implementing the inverse algorithm, instead of an axisymmetric geometry.
Governing Equation.
The governing equation for the FE formulation used in the inverse algorithm is
where r s is the stress tensor for the arterial wall. Equation (1) represents the static equilibrium of the artery with the in vivo axial stretch and the time-averaged lumen pressure.
Boundary Conditions.
The boundary conditions at the inlet and outlet of the FE geometry were defined using a reference node and a cylindrical coordinate system at the center of the corresponding cross-sectional plane ( Fig. 2(a) ). The displacement of the reference node at the inlet was fixed in the axial and circumferential directions. At the outlet, the axial stretch or shrink was specified, while the circumferential direction was fixed. Additionally, the nodes on the outer surface of the artery were also radially constrained by a rigid contact surface. The function of the rigid contact surface in the inverse algorithm (Figs. 2(b)-2(d)) is described in the section, Discretization and Numerical Scheme. The experimental stress-strain data, obtained from Attinger [30] , for the femoral artery of a dog is presented in Fig. 3(a) . This data was obtained by conducting independent uniaxial tests on intact (tubular-shaped) artery specimens in the axial and circumferential directions. The arterial wall was assumed to be homogenous, incompressible, and hyperelastic. The in vivo axial stretch ratio is 1.48 for the femoral artery [3] . For axial stretch ratios less than 1.5 and lower physiologic pressures ($ 60-90 mmHg), the experimental data is relatively isotropic ( Fig. 3(a) ). Therefore, the arterial wall was also assumed to be isotropic. The arterial wall tissue material property was developed using the modified Mooney-Rivlin strain energy density function, W, with invariant I 1 [7, [31] [32] [33] 
Here, I 1 ¼ P C ii is the first strain invariant, C ij ¼ F T F is the Cauchy-Green deformation tensor, and F is the deformation gradient tensor. The c 1 , D 1 , and D 2 are the constants for the arterial wall property formulation. The incompressibility constraint provides k z k h k r ¼ 1, where k z , k h , and k r are the stretch ratios in the axial, circumferential, and radial directions, respectively. For the uniaxial test on the axial specimen,
Similarly, for the uniaxial test on the circumferential specimen,
ffiffi ffi k p Þ. Therefore, the isotropic Cauchy stress equation for the axial and circumferential specimens is expressed as
The baseline constants (c 1 Fig. 3(b) ). The material testing by Attinger [30] was performed using tubular-shaped artery specimens that inherently retained the residual stresses. Furthermore, the constitutive model constants (Eq. (2)), obtained by fitting the model stresses to the experimental values [30] , were directly adopted in this study for the tubular-shaped tapered artery geometry. Therefore, the property of the arterial wall included the residual stresses. Figure 3 (c) shows the contours of W (Eq. (2)), computed for the baseline arterial wall property over a range of axial (k z ) and circumferential (k h ) stretch ratios. The stability of the arterial wall property formulation is demonstrated by the convex contours of W [7] . W is positive, and the magnitude of W is
2.1.5 Discretization and Numerical Scheme. The FE geometry of the arterial wall was developed using linear eight-node hexahedral elements with five elements along the thickness of the wall. The incompressibility constraint conserves the in vivo volume of the arterial wall during the FE computations of the inverse algorithm.
The optimization-based inverse algorithm that was previously reported by Das et al. [19] was modified to compute the load-free and prestressed geometries of the tapered artery. The inverse algorithm [19] consists of a "shrink" operation that applies a fixed radial (Àd r ) and axial (Àd l ) reduction. This is followed by a "fit" operation that sequentially applies the in vivo axial stretch (d I ) and the time-averaged lumen pressure (P I ). A detailed description of the inverse algorithm is provided by Das et al. [19] and is also included in the Appendix.
The FE geometry of the artery ( Fig. 2(a) ) represents the in vivo dimensions without the arterial wall prestress. Since the radius of the tapered artery varies along the length, the procedure to apply the radial shrink (Àd r ) is different from the methodology reported by Das et al. [19] . For the tapered geometry, a Àd r that varies linearly along the length of the artery was implemented, instead of the fixed Àd r used by Das et al. [19] .
The current Àd r was implemented by first scaling the rigid contact surface ( Fig. 2(b) ) that was initially coincident with the outer circumference of the arterial wall (artery outer wall in Fig. 2(a) ). Next, a FE computation was performed to radially shrink the arterial wall such that its outer surface was coincident with the scaled rigid contact surface ( Fig. 2(c) ). Subsequently, Àd l was applied to the radially shrunk arterial wall. The Àd l was an input parameter that was determined by the in vivo axial stretch of 48%, observed in the excised femoral artery. The algorithm started with an initial value of Àd r which was then optimized in the subsequent iterations. The use of the frictionless, nonseparating, and sliding rigid contact surface that was coincident with the radially shrunk outer surface when applying Àd l allowed retention of the in vivo shape of the artery ( Fig. 2(d) ). Thus, the outer diameter of the radially shrunk artery did not change while the axial shrink was applied. The stresses in the arterial wall at the end of the axial shrink were removed to form the load-free geometry. Next, the prestressed artery was obtained using the "fit" operation in which d I and the radial expansion due to P I were applied. Subsequently, the least-
, which was defined as the square root of the sum of the deviation of the nodal position in the set N between prestressed geometry (x) and in vivo geometry (x I ), was evaluated. Here, N was taken as the set of nodes on the outer surface of the arterial wall. The algorithm was stopped if x À x IN < e, where e was the predefined tolerance value (e ¼ 1 Â 10
À4
). Otherwise Àd r was updated using the Nelder-Mead optimization algorithm and the process was repeated.
The inputs for the inverse algorithm were: (1) the in vivo arterial geometry (Fig. 1 ) of the artery, (2) the three (25% softer, baseline, and 25% stiffer) arterial wall properties, (3) P I and (4) d I . For the tapered femoral artery of a dog, P I was 72.5 mmHg [25] and d I was 48% of the load-free arterial length [3] . The outputs from the inverse algorithm were the load-free and the prestressed arterial geometries corresponding to the three different arterial wall properties ( Fig. 3(b) ). The Nelder-Mead optimization algorithm was implemented using MATLAB functions (R2010, The MathWorks, Inc.). The "shrink" and "fit" operations of the inverse algorithm were performed using ABAQUS (version 6.11, Dassault-Systems).
Pressure-Flow Hemodynamics.
The pulsatile hemodynamics was evaluated using a coupled arterial wall-blood flow computational formulation.
Arterial Geometry.
The load-free arterial geometry from the inverse algorithm was used to obtain the prestressed artery for computing the arterial wall-blood flow interaction. Considering that there was no variation of the prestress and strain in the circumferential direction of the tapered artery, an axisymmetric representation of the lumen and arterial wall was used. The difference between the radial dimensions of the 3D and axisymmetric prestressed geometries was less than 6%.
Governing Equations.
The governing equations for the arterial wall mechanics and blood flow are summarized below:
q s v i;tt ¼ r s ij;j ; i; j ¼ 1; 2; sum over j ðarterial wall mechanicsÞ (6) where q is the density of blood (1.05 gm/cc), u and p are the blood velocity and pressure, u g is the mesh velocity of the fluid domain, l is the blood viscosity, q s is the arterial wall density (1.0 gm/cc), and v is the displacement vector of the arterial wall. Equation (6) represents the dynamic equilibrium of the arterial wall due to the pulsatile pressure. The blood was modeled as a non-Newtonian Carreau fluid [34] with a shear rate dependent (_ c) viscosity given by 
The parameters are l a ¼ 0.0345 poise, l 0 ¼ 0.56 poise, K ¼ 10.975 s 2 , and n ¼ 0.3658.
Boundary Conditions.
The pulsatile pressures at the inlet and outlet, p i (t) and p o (t), were applied as normal traction on the corresponding planar surfaces. The experimental pressure measurements were obtained through ligated lateral and small branches at the inlet and outlet of the artery, and the flow was measured by an external Doppler cuff located at 17 mm from the inlet (Fig. 1) [25] . Figure 4(a) shows the experimentally measured (in vivo) p o (t) for the femoral artery of a dog. The measured pressure drop (Dp(t)) between inlet and outlet of the artery is shown in Fig. 4(b) . The p i (t) for the in vivo condition was obtained by adding the measured Dp(t) to p o (t). The heart rate was 128 beats/min (time period ¼ 0.469 s) and the measured time-averaged flow rate was 102 ml/min. The measured time-averaged outlet pressure (e p o ) and pressure drop ð f DpÞ were 72.5 mmHg and 0.59 mmHg, respectively.
In addition to the in vivo conditions (e p o ¼ 72.5 mmHg), the pressure-flow hemodynamics of the artery was also computed for elevated pressures, measured by Urzua et al. [27] and by Cox [28] . The e p o values for these pressure profiles (Fig. 4(a) ) were 104.1 mmHg [27] and 140.7 mmHg [28] . There is a phase difference (Fig. 4(a) ) between the peak systolic pressure of the elevated p o (t) [27, 28] and the baseline (measured) p o (t). The elevated pressures were applied at the outlet (p o (t)) of the artery. The Dp(t) and p i (t) corresponding to the elevated outlet pressures were determined using the methodology described by Roy et al. [11] . The Dp(t) at the elevated pressures is compared to the baseline (measured) Dp(t) in Fig. 4(b) .
For any time point of the pulse, the velocity at the inlet and outlet of the artery was assumed to be fully developed by imposing 
where n is the unit normal vector at each boundary. The boundary conditions for the arterial wall and the blood-arterial wall interface were as follows:
Arterial Wall Properties.
The pulsatile hemodynamics was computed using the arterial wall tissue property developed for the prestressing procedure. The effect of the variation in arterial wall properties (Fig. 3(b) ) was also investigated for e p o of 72.5 mmHg.
Discretization and Numerical
Scheme. The FE geometry was developed using axisymmetric elements. The number of nodes in the arterial wall and the lumen was 505 and 2222, respectively. The analysis was performed in two steps. First, the loadfree geometry, obtained from the inverse algorithm, was prestressed
(t) were applied to compute the transient pressure-flow response of the arterial wall. While each analysis was performed for three cycles, it was observed that the solution did not change after the first cycle. Therefore, the input variables and the results from the second cycle (0.469-0.938 s) are reported. The pulsatile pressureflow relationship in the artery was obtained by simultaneously solving the coupled equations of arterial wall mechanics and blood flow using the FE program, ADINA (version 9.0, ADINA R&D, Inc.).
Results
The results of the computed load-free and prestressed geometries of the tapered artery, evaluated using the modified inverse algorithm under variable arterial wall properties, are presented first. This is followed by the results of the blood-arterial wall interaction analysis of the prestressed artery exposed to pulsatile hemodynamics.
Load Free and Prestressed Arterial Wall Geometry
3.1.1 Geometry for Baseline Arterial Wall Property. The load-free and prestressed geometry of the artery, computed for the time-averaged in vivo pressure (P I ) of 72.5 mmHg and the baseline arterial wall property, are illustrated in Fig. 5 . The dimensions of the in vivo load-free and prestressed artery at the inlet and outlet are summarized in Table 1 . At the inlet, the outer diameter of the load-free geometry was 9% [(4.34 À 3.95)/4.35 Â 100%] smaller than the in vivo outer diameter. The load-free inner diameter and arterial wall thickness at the inlet were 20% [(3.80 À 3.04)/3.80 Â 100%] smaller and 70% [(0.452 À 0.266)/ 0.266 Â 100%] thicker than the corresponding in vivo dimensions, respectively. This was due to the radial and axial shrinks applied by the inverse algorithm. Similar results were obtained at the outlet of the artery. The length of the load-free artery computed by the inverse method was 35.2 mm. This represented an axial shrinkage (Àd l ) of 32% from the in vivo length. In other words, the prestressed length of 52 mm corresponded to the in vivo axial stretch (d I ) of 48% from the load-free configuration. Importantly, the prestressed artery geometrically matched within 1.2% of the in vivo artery, as ensured by the inverse algorithm. The volume of the prestressed artery was equal to the in vivo volume.
Influence of Variation of Arterial Wall Property on
Geometry. The dimensions of the load-free and prestressed artery for the P I of 72.5 mmHg, using a 25% softer artery, are summarized in Table 2 . Table 3 summarizes the same for the 25% stiffer artery. It can be observed that for the softer artery the load-free outer diameter was 10% and 12% smaller at the outlet and inlet, respectively, than the corresponding in vivo outer diameter. On the other hand, with the 25% stiffer artery, the load-free outer diameter was only 5% and 7% smaller at the outlet and inlet, respectively, than the in vivo values. Similarly, the load-free Table 1 The dimensions of load-free and prestressed geometries calculated by the inverse algorithm for the in vivo time-averaged outlet pressure of 72.5 mmHg and the baseline arterial wall property Table 2 The dimensions of load-free and prestressed geometries calculated by the inverse algorithm for the in vivo time-averaged outlet pressure of 72.5 mmHg and the 25% softer arterial wall property
Outer diameter (mm) Table 3 The dimensions of load-free and prestressed geometries calculated by the inverse algorithm for in vivo time-averaged outlet pressure of 72.5 mmHg and the 25% stiffer arterial wall property
Outer diameter (mm) arterial wall was about 76% and 64% thicker than the in vivo wall thickness with the softer and stiffer arteries, respectively. The prestressed artery geometrically matched within 1.2% of the in vivo artery for the two variations in arterial wall property. The inverse algorithm converged in 22 and 24 iterations for the baseline and modified arterial wall properties, respectively.
Arterial Wall Prestress.
The prestress and strain at the midwall radius for the P I of 72.5 mmHg and d I of 48% for the three arterial wall properties are summarized in Table 4 . The change in circumferential strains, e hh , due to the change in arterial wall property was observed to range between 21% and 29%. For example, the softer artery had a relatively high e hh (inlet: 0.18 and outlet: 0.17) and the stiffer artery had a relatively low e hh (inlet: 0.11 and outlet: 0.10), when compared to the baseline arterial wall property (inlet: 0.14 and outlet: 0.13). The circumferential prestress, r hh , was $ 2.0% [(63.6 À 65.0)/65.0 Â 100%] lower and 1.7% higher for the 25% softer and 25% stiffer arteries, respectively, when compared to the baseline arterial wall property.
The axial strains, e zz , were the same for the three arterial wall properties since it was determined by the constant d I . Consequently, the axial prestress, r zz , for the softer and stiffer arteries were 13% lower and 13% higher, respectively, when compared to the baseline arterial wall property. The r zz (108-150 KPa) was also relatively higher than the r hh (63-66 KPa).
Pulsatile Hemodynamics

Velocity and Flow Rate for Baseline Arterial Wall
Property. The time-varying spatially averaged axial velocity, u z (t), at the cuff location (Fig. 1) , for the experimental (in vivo) e p o (72.5 mmHg) and the baseline arterial wall property, is compared with the measured u z (t) in Fig. 6(a) . The u z (t) for a rigid artery with the lumen dimensions equal to the in vivo dimensions is also presented in Fig. 6(a) . The peak axial velocities were similar for the three cases ( Fig. 6(a) ; 48.9, 47.7, and 48.8 cm/s for the experimental, complaint, and rigid arteries, respectively). At systole the phase difference between the axial velocity of the compliant artery and the measured data was 11.5 deg [((0.605 s À 0.59 s)/ 0.469 s) Â 360] while the phase difference between the rigid artery and the measured data was 23 deg. Thus, at systole the phase difference and the axial velocity of the compliant artery showed an improved comparison with the experimental data than the rigid artery. The peak negative and the subsequent peak positive velocities for both the compliant and rigid arteries showed significant deviation from the measured in vivo velocity.
Though the u z (t) for the compliant and rigid arteries were relatively similar, the time and spatially averaged axial velocity, g u z ðtÞ, of the complaint artery (13.34 cm/s) was $ 7% lower than that for the rigid artery (14.31 cm/s). The experimentally measured g u z ðtÞ was 15.10 cm/s. Thus, the computed g u z ðtÞ for the compliant artery was 12% lower than the measured g u z ðtÞ. The corresponding computed time-averaged flow rate for the complaint artery (91.8 ml/min) was 10% lower than the measured flow rate (102.0 ml/min).
Velocity and Flow
Rate for Elevated Pressure. The u z (t) for the measured (in vivo) e p o and elevated e p o computed with the baseline arterial wall property were similar in shape (Fig. 6(b) ) but were different in magnitude. The phase lag (u) observed between the u z (t) at the elevated e p o and the measured e p o was due to the existing u between the three different input pressure wave forms (Fig. 4(a) ). The e u z ðtÞ values at the elevated e p o of 104.1 mmHg and 140.7 mmHg were 22.5 cm/s and 29.9 cm/s, respectively. The corresponding time-averaged flow rates were 180.2 ml/min and 273.4 ml/min, respectively. These flow rates agreed within 5.7% of the flow rates reported by Roy et al. [11] for similar pressures.
Variation of Midwall Radius.
The variation of the midwall radii at the inlet and outlet for the measured e p o and elevated e p o values, obtained using the baseline arterial wall property, is shown in Figs. 7(a)-7(c) . The mean midwall radius increased significantly with elevation in the time-averaged pressure. For example, the mean midwall radii at the outlet were 1.94 mm, 2.12 mm, and 2.23 mm at e p o of 72.5 mmHg, 104.1 mmHg, and 140.7 mmHg, respectively.
3.2.4
Compliance. The variation of the midwall radius for unit pressure rise was quantified by evaluating the percent compliance, c, which was expressed as [22] c % diameter change mmHg Here, r max and r min were the maximum and minimum midwall radii at the corresponding p max and p min of the pulsatile pressure profiles (Fig. 7(b) ). It may be noted that (p max À p min ) depended on the pressure wave forms and was different for the measured and elevated pressure cases. The c for the measured and elevated e p o is compared with experimentally measured c exp [22] in Fig. 8 . The calculated midwall radii, maximum and minimum pressures, and the corresponding values of c are summarized in Table 5 .
The difference between the values of c at the inlet and outlet of the artery was less than 5% [(0.13 À 0.12)/0.13 Â 100%] for all the cases analyzed. The c at the inlet for the baseline arterial wall property was 0.34%, 0.19%, and 0.13% diameter change/mmHg for e p o of 72.5, 104.1, and 140.7 mmHg, respectively. On the other hand, c exp was 0.26%, 0.16%, and 0.09% diameter change/mmHg for e p o of 72.5, 104.1, and 140.7 mmHg, respectively (Fig. 8) . It can be observed that the reduction in c (0.34 À 0.13 ¼ 0.21) was similar to the reduction in c exp (0.26 À 0.09 ¼ 0.17) when e p o was increased from 72.5 to 140.7 mmHg. The c was also calculated for measured e p o using the 25% softer and the 25% stiffer arterial wall properties ( Fig. 8 and Table 5 ). The variation in c due to the change in the arterial wall property was less than 6% [(0.32 À 0.34)/0.34 Â 100%] when compared to the c for the baseline arterial wall property. Figure 9 shows the time variation of the midwall r hh and r zz for the baseline arterial wall property. The time-averaged midwall r hh at the inlet was 65 KPa, 114 KPa, and 171 KPa for e p o of 72.5, 104.1, and 140.7 mmHg, respectively. The corresponding time-averaged midwall r zz at the inlet was 120 KPa, 165 KPa, and 214 KPa for e p o of 72.5, 104.1, and 140.7 mmHg, respectively. The r hh at the inlet and outlet was nearly the same ( Fig. 9(a) ), whereas a difference of $7% was observed for the r zz (Fig. 9(b) ). The time-averaged pulsatile Cauchy stresses at the midwall radius at the inlet of the artery for e p o of 72.5 mmHg obtained using the baseline, softer, and stiffer arterial wall properties are summarized in Table 6 . The timeaveraged r hh did not vary appreciably with the changes in the arterial wall property. On the other hand, the time-averaged r zz was 13% lower for the 25% softer and 12% higher for the 25% stiffer arterial wall properties.
Arterial Wall Stress.
Discussion
4.1 Inverse Algorithm. The current inverse algorithm applied on the tapered artery improves the prior research on the straight artery [19] . The geometry used in this research represented an idealized tapered femoral artery of a dog. Although the idealized geometry was not a realistic patient specific geometry, it contained physiologic features including tapering and variable wall thickness observed in vivo. The present study solved a single-parameter optimization problem involving the radial deformations by using the Nelder-Mead algorithm. In scenarios where the in vivo axial stretch value is not available from experiments, the present inverse algorithm can be expanded to a two-parameter optimization problem involving the radial and axial deformations. Moreover, the current algorithm only used the initial meshed geometry of the idealized tapered artery-the variable diameter and wall thickness along the artery length were kinematically updated by parameterizing the radial coordinates of the nodes on the outer diameter of the artery, while keeping the inner diameter free. This improvement along with the incompressibility constraint allows the inverse algorithm to account for the variability in arterial wall thickening in the load-free state. This change can be useful in assessing more complex patient-specific geometries to be considered in future studies.
4.2 Load-Free Geometry. The isotropic modified MooneyRivlin strain energy function for the arterial tissue property along with the baseline constants resulted in 18-20% shrinkage of the inner diameter in the load-free state (Table 1) . On the other hand, the reduction in the inner diameter was only 14% for the idealized cylindrical artery of similar dimensions [19] . The higher shrinkage of the inner diameter, obtained in this study, was a consequence of constraining the outer diameter while applying the axial shrinkage ( Fig. 3(d) ). Huang et al. [4] reported an inner diameter shrinkage of 7.9% for the human carotid artery using in vivo and ex vivo magnetic resonance imaging images. It may be noted that the carotid artery is relatively stiffer than the femoral artery [30] . Hamza et al. [35] have reported changes in the inner diameter ranging from 18% to 33% for the left anterior descending artery of pigs when the intravascular pressure was reduced to 0 mmHg.
Arterial Stress and Strain.
There was significant variation in the computed load-free diameter (Tables 1-3 ) due to the change in the arterial wall property. These results are similar to the results reported by Raghavan and Vorp [36] and Lu et al. [18] for abdominal aortic and cerebral aneurysms, respectively. In contrast, variations in the arterial wall property have an insignificant effect on the wall circumferential stress (Tables 4 and 6 ). On a similar note, changing the arterial wall property while keeping the axial strain constant caused significant variation in axial stress of the arterial wall (Tables 4 and 6 ). Conversely, the load-free axial length (Table 1 ) and the axial strain in the prestressed condition (Table 4) were relatively independent of the change in the arterial wall property because the axial stretch was maintained constant (48%) while the arterial wall property was varied. These trivial findings confirm that the inverse algorithm is providing expected outcomes.
The axial stress for the measured (in vivo) e p o (72.5 mmHg) was $ 1.85-2.0 times the corresponding circumferential stress (Table 4 and Fig. 9 ). Similar trends (higher axial stresses) were observed by Attinger [30] at lower physiologic pressures ($ 60-90 mmHg) and axial strains ($0.1-0.5). Further, Zhang et al. [37] reported that the magnitude of the axial stress depends on the applied axial prestretch and that the axial stress exceeds the circumferential stress for axial prestretch greater than 40%. In the present study, the tapered artery was subjected to a prestretch of 48% [3] . The axial stress was only 1.44 and 1.25 times the corresponding circumferential stress for e p o of 104.1 mmHg and 140.7 mmHg, respectively. The relative increase in the circumferential stress at elevated e p o was due to the fact that the 48% prestretch was maintained constant while e p o was increased. Further, the higher axial stresses observed even at elevated pressure (> 90 mmHg) could be due to the assumed isotropy of the material model and the relatively higher axial prestretch. This could be a limitation of the present research. A future study involving an anisotropic model with varying axial stretch ratios may need to be conducted. Figure 6(a) showed that the computed u z (t) of the compliant and the rigid arteries, obtained for the measured e p o , were similar in shape but had significant Fig. 9 Variation of the tapered artery midwall: (a) circumferential stress and (b) axial stress for in vivo and elevated pressures computed using the baseline arterial wall property difference with the measured u z (t), especially at diastole. The measured u z (t) showed only a 5 deg phase lag (u) with the measured Dp(t) (Figs. 6(a) and 4(b) ) at the peak systole. However, they were nearly in phase at the peak negative and peak secondary positive velocities of diastole. In contrast, the computed u z (t) for the compliant artery showed a u with the measured Dp(t) of 16 deg, 38 deg, and 46 deg at the peak systole, peak negative and peak secondary positive velocities of diastole, respectively (Figs. 6(a) and 4(b)). The u between the computed u z (t) and Dp(t) for the compliant artery was similar to the u between the flow rate and pressure gradient in the femoral artery of a dog, reported by McDonald (30-60 deg) [38] and Womersely (30-55 deg) [39] . The Womersley number for the femoral artery analyzed in this study was 3.6. Therefore, the velocity profile is expected to moderately lag the pressure gradient.
Pulsatile Hemodynamics.
4.5 Compliance. The arterial wall compliance, c, decreased significantly with the increase in the time-averaged artery pressure, and corroborates with the in vivo measurements [22] (Fig. 8) . The experimental data, used to develop the baseline arterial wall tissue property [30] , was obtained from ex vivo femoral artery specimens, whereas the experimentally measured c exp was obtained using a noninvasive method [22] . Thus, the relatively higher c values for the baseline arterial wall property when compared to c exp (0.34 versus 0.26% diameter change/mmHg) may be attributed to the selection of the arterial wall property formulation. This is illustrated by the improved comparison between c calculated using the 25% softer artery and c exp for e p o of 72.5 mmHg (0.32 versus 0.26% diameter change/mmHg, Fig. 8 ).
Conclusion
The modified inverse algorithm was successfully implemented for an idealized tapered artery to evaluate its load-free and prestressed geometries under variable arterial wall properties. Further, using the computed prestressed geometry and in vivo pulsatile pressure, the compliance of the artery was evaluated for a range of systemic pressures, blood flows, and arterial wall properties. Based on the results, the load-free outer diameter was 7%, 9%, and 12% smaller than the corresponding in vivo diameter for the 25% softer, baseline, and 25% stiffer arterial wall properties, respectively. The corresponding variation in the circumferential strains of the prestressed artery was in the range of 21-29%. However, the variations in the prestressed geometry and the mean circumferential stress due to the change in arterial wall property were less than 2%. Further, the c values of 0.34%, 0.19%, and 0.13% change in diameter/mmHg for the in vivo (72.5 mmHg) and two elevated pressures (104.1 and 140.7 mmHg) showed that the compliance of the artery is significantly influenced by the change in the arterial pressure. In comparison, a less than 6% variation in c due to the change in the arterial wall property can be considered insignificant. The inverse algorithm developed in this study can be applied in future to evaluate patient-specific geometries.
(1) Start with the in vivo arterial geometry, Aðx I ; 0Þ, and initial values of the radial shrink d r and the axial shrink, d l . (2) Apply the shrink operator (S) to the in vivo arterial geometry, Aðx I ; 0Þ, in two steps: (a) Apply radial shrink X RS ðx I ; Àd r Þ to the outer wall (diameter) to obtain Aðx RS ; r RS Þ. (b) Apply axial shrink X LS ðx RS ; Àd l Þ to obtain Aðx LS ; r LS Þ. (3) The resulting stresses, r LS , are deleted to form the trial load-free geometry Aðx LS ; 0Þ. (4) Apply the fit operator (F) to the load-free geometry in two steps: (a) Apply the in vivo axial stretch X LS ðx LS ; þd I Þ.
(b) Apply the radial expansion due to average in vivo pressure X RS ðx l ; P I Þ to obtain the trial pre stressed geometry Aðx; rÞ. (5) Evaluate the least-square error function,
, which is defined as the square root of the sum of the deviation of the nodal position in the set N between x (prestressed geometry) and x I (in vivo geometry). Here, N is taken as the set of nodes on the outer surface of the tapered artery.
Stop the algorithm if x À x IN < e, where e is the predefined tolerance value. Otherwise, update d r and the axial shrink, d l , using the Nelder-Mead optimization algorithm and proceed to Step 2.
